Production of Proton Beams for Therapeutic Applications

Accelerators
Proton accelerators designed for therapy need to produce beams with energy great enough to reach the deepest tumors, usually considered to be in excess of 200 MeV, a beam current adequate to achieve treatment times comparable to those of conventional x-ray treatment facilities for the range of field sizes and doses normally used in radiotherapy -approximately 10 nA or more, and the capability to provide uniform doses to the range of target volumes likely to be encountered. This corresponds to a requirement of more than 5 x 10 10 protons per second extracted from the accelerator and an efficient beam spreading system.
Particle accelerators are normally built with either a straight or a circular arrangement of the components. In the circular, fixed orbit geometry (synchrotron), each particle traverses the same path repeatedly during the acceleration cycle, with an increasing magnetic field keeping the particles in a fixed orbit. An extraction system is used to deflect the particles outside of the accelerator. In the circular, variable radius geometry (cyclotron), groups of particles, often referred to as "bunches" are accelerated in a fixed magnetic field and spiral outward as they gain energy. In a linear accelerator (linac), each particle generally traverses the acceleration cavity only once. As a consequence, linear accelerators are long, but do not require bending magnets to keep the particles in orbit. In a linear accelerator, a large number of bunches can be accelerated in a short time span, thereby reducing the need for a large number of protons per bunch which can be limited by space charge considerations. Thus, linear accelerators can usually accelerate higher currents than circular machines. On the other hand, it is simpler to change energies with some circular machines than with linear machines. The selection ofthe best accelerator for clinical proton therapy will be strongly influenced by the weighting of the different characteristics such as initial cost for the accelerator and the facility as a whole, reliability, space availability, number oftreatment rooms, complexity and cost of operation, range of energies desired, beam delivery technique, etc.
Cyclotrons
In a cyclotron, particles are accelerated by a high voltage high frequency electric field in a gap between two bending sections. Because both the magnetic field and the acceleration frequency are constant, cyclotrons are simple and inexpensive. As long as the particles have a low energy and are therefore nonrelativistic, particles of different energies need the same time for a full circle, so the machine can simultaneously accelerate bunches of particles from the lowest to the highest energy. Once the speed of the particles has increased to a value where the relativistic mass increase is substantial (of the order of one percent), they get out of phase with the accelerator field and further acceleration in this simple way cannot be accomplished-that is, either the magnetic field or the acceleration frequency must be varied. This phenomenon occurs at an energy of approximately 10 MeV for protons, much lower than the energy required for therapy. To account for the increasing relativistic mass of the particles, the frequency of the acceleration field can be varied in synchrony with the speed of the particle. This limits acceleration to a single bunch of protons at a time. An accelerator of this type is called a synchrocyclotron or FM (frequency-modulated) cyclotron.
Another way these relativistic effects have been dealt with is by increasing the magnetic field with radius, or by changing the shape of the pole faces to increase the pathway of the protons in the magnetic field, or both. All bunches of particles are simultaneously kept in an isochronous orbit by this accelerator type which is, therefore, called an isochronous cyclotron.
In the following, the different accelerators are discussed in two groups depending on whether they use room temperature magnets or magnets cooled to achieve the superconducting state.
2.1.1.1 Synchrocyclotrons. In the synchrocyclotron, also called an FM (frequency modulated) cyclotron, the increase in the relativistic mass of the protons with energy is compensated by a decrease in the frequency of the accelerating voltage, while the magnetic field strength remains constant. This acceleration method requires pulsed operation, since one proton bunch must exit the synchrocyclotron before the acceleration of the next bunch begins. Synchrocyclotrons with conventional magnets are large in size and mass. In principle, they can be tuned for different energies, but currently operating machines of this type have fixed energies. The extraction efficiency of the synchrocyclotron is of the order of 90% and extracted proton beam intensity is normally more than adequate for therapy. The synchrocyclotron is considered a very reliable accelerator, with no stringent tolerances on the magnetic field shape. This assertion is verified by the experience with the Harvard synchrocyclotron which has operated for proton therapy with a very high reliability since 1961 (Sisterson et al., 1991) .
The superconducting synchrocyclotron has been proposed as a low mass accelerator well-suited for proton therapy (Blosser et aI., 1991) . The experience with the superconducting type is somewhat limited, the first machine having been installed in 1982. Since superconducting cyclotrons can be much smaller in diameter than conventional machines, the mechanical tolerances are smaller, making the ion source design, field shape tolerance and frequency modulation more critical.
Isochronous Cyclotrons.
In contrast to the synchrocyclotron, the isochronous cyclotron uses a high voltage, constant frequency acceleration system. An isochronous cyclotron compensates for the increase in mass of the relativistic particle by increasing the strength of the magnetic field traversed by the particle with increasing radius of particle orbit. The field shape required to achieve isochronisity leads to axial defocusing in the magnetic field but this is compensated by strong focusing hills and valleys resulting in precisely defined geometric orbits and an intense beam. Since the frequency of the accelerating field is constant, the isochronous cyclotron can be operated with a very high pulse rate and can be considered to be a continuous radiation source.
Compared to a clinical synchrocyclotron, a fixed energy isochronous cyclotron is heavier, of the order of 80 t, and substantially more expensive. However, much higher beam currents can be produced in the isochronous cyclotron. Additional advantages of a fixed energy machine are ease of operation, reliability, and simplicity of extraction, making this design a suitable solution for proton radiotherapy. A nonsuperconducting isochronous cyclotron with high field strength has been proposed (Beeckman et al., 1990) . Using a new magnet gap design, a reduced magnet weight and reduced energy consumption are predicted. Superconducting cyclotrons have clear advantages over room temperature accelerators in terms of size. Due to the higher magnetic fields achievable, their diameters are approximately half and the mass is reduced by an order of magnitude. This is especially important if the accelerator is mounted on a gantry as proposed by Blosser (Blosser et al., 1991) . They also consume much less energy.
Superconducting cyclotrons also have a common disadvantage. If opening of the machine is necessary for service or repair, longer down periods are the result, since warming up and cooling down can take a number of days. In addition, superconducting equipment needs a liquid helium supply or a helium liquifier. However, for fully tested accelerators in routine operation, reopening may not be necessary for long times. The development of magnetic resonance imaging has demonstrated that superconductivity is a practical technology in the hospital environment. Operation of superconducting accelerators at research labs has demonstrated high levels ofreliability with infrequent need to bring the magnets to room temperature.
Synchrotrons.
In a synchrotron, bending magnets keep a bunch of protons in a fixed orbit during the acceleration cycle. The frequency of the high voltage acceleration system, installed in straight sections between the bending magnets, is increased with increasing speed ofthe particle and is closely coupled with an increase in the magnetic field in the bending magnets. The protons can be extracted at any energy by either single turn extraction or by slow extraction to achieve longer pulses. Both room temperature and superconducting proton synchrotrons have been considered as well as H-synchrotrons. Only room temperature designs will be discussed below.
The first hospital-based proton radiotherapy facility installed at Loma Linda University Medical Center is based on a room temperature synchrotron (Cole et al., 1987) . A synchrotron has also been proposed in Japan at Tsukuba University for a new hospital-based therapy facility (Fukumoto et ai., 1989) .
The synchrotron is a very flexible machine type in terms of energy variation. With a synchrotron, it is feasible to use energy variation of the beam instead of range shifting with a variable thickness absorber to modulate the energy for depth control of the proton beam. A possible limitation for this accelerator is the maximum current per bunch which can be captured. This is due to space charge effects which depend on the injection energy. The injector at Loma Linda is a radio frequency quadrupole (RFQ) linac (Kapchinskii and Teplyakov, 1970) of2 MeV, while at Tsukuba, a 5 MeV RFQ linac is planned.
Synchrotrons with conventional magnets using H-ions have been proposed by Martin (Martin, 1987) and at ITEP in Moscow (Khoroshkov et al., 1991) and are being considered for hospital use in northern Italy (Amaldi et al., 1994) . The primary argument for the construction of an H-machine is the simplicity of beam extraction which is accomplished by stripping the electrons off the H-in a very thin foil target. This leads to a very smal1 beam divergence, permitting transport of the extracted beam with narrow gap magnets. But H-machines have stringent requirements for the vacuum in the accelerator, due to the possibility of electron stripping by residual gas molecules in the beam pipe. Magnetic electron stripping is another potential pro blem for the H machine resulting in a maximum allowable field strength of slightly over 0.5 T, requiring a large diameter accelerator ring. The average beam current could also be rather low for clinical use.
Linear Accelerators
Linear accelerators are typically characterized by high energy consumption and a very high beam intensity, which could produce a potential safety problem. Nevertheless, a few authors have proposed this type of accelerator for proton radiotherapy (Boyd et al., 1982; Hamm et al., 1991) . A versatile linear accelerator was designed at Los Alamos for pion therapy and was subsequently calculated to be able to produce proton beam currents of up to 100 J1A at an energy of 650 MeV (Boyd et al., 1982) . Protons of approximately 200 Me V could be produced with an accelerator length of 40 m. Commercial klystrons from radar equipment could be used to produce radiofrequency (rf) power for acceleration.
A version of a linac more tailored to the needs of proton therapy in terms of energy and beam current was proposed by Hamm et al. (Hamm et al., 1991) . By using side-coupled linac sections for accelerating protons from 70 to 250 MeV and rf power systems from medical electron linacs, the facility would be better adapted for hospital installation and its price could be reduced.
Typical Operating Parameters
Depending on the sites to be treated and methods of beam shaping, energies from 60 MeV to as much as 250 MeV are necessary, especially if the use of cross-fired protons for precision treatment in the head is considered (Larsson and Sarby, 1987) . If ranges in excess of 37 cm are required due to highly oblique beam entries, or if proton radiography is planned, energies of 300 MeV or more are needed.
Preferably, different beam energies should be available. If enough beam current is available, this can be provided by degrading from the maximum energy to the desired energy with absorbers, although degrading the primary beam can produce an undesirable radiation background.
For dynamic beam delivery techniques, which are discussed in section 2.3, the time structure of the beam extracted from the accelerator is crucial since it can determine the accuracy to which the dose can be controlled. The ideal beam for dynamic therapy is either a dc beam without time structure, or a beam with a pulse frequency that is much higher than the scan frequency. A common way of scanning is with slow extraction, smearing a spill over several beam positions. This works well only if the extracted beam intensity can be well controlled during the spill time.
In order that typical treatments can be completed in times of approximately one minute, extracted beam currents in excess of 10 nA are required. For the largest anticipated field sizes, a current of 10 nA might result in treatment times of 3 to 4 minutes. For safety purposes, it is preferred that beam currents be less than about 100 nA, giving adequate time to react to beam delivery errors.
Machine stability and reliability are very important in the clinical environment. Unscheduled downtime should be comparable to that of x-ray facilities, typically less than 5%.
Beam Shaping and Delivery
The merits of protons for radiotherapy lie in the potential for confinement of the high dose volume to the target volume and the consequent sparing of normal tissues outside this volume. It must be the aim of each beam delivery technique to make optimal use ofthis potential by providing adequate dose throughout the target volume while minimizing the dose to tissues outside the target volume.
Beam delivery techniques are commonly categorized as passive or dynamic. Passive beam delivery is a method of achieving a spatially uniform dose distribution by scattering and degrading the primary proton beam in a set of distributed absorbers to create the beam diameter, maximum energy and energy spread needed to deliver uniform dose to the target at all depths. An example of such a system is a rotating propeller with variable thickness blades, as first discussed by Wilson (Wilson, 1946) in combination with a separated pair of scatterers (Koehler et al., 1977) . Dynamic beam scanning is a timedependent method of achieving a desired dose distribution by magnetically moving the beam across the target cross-section while dynamically changing the energy of the beam and, consequently, the depth of penetration.
Passive beam spreading techniques, because they irradiate the entire target volume simultaneously, are both safer and simpler than dynamic techniques. Dynamic techniques, however, can reduce the dose to normal tissue and may be preferred in some situations.
Passive Scattering Techniques
Uniformity of intensity over the useful crosssection of the beam can be approached by selecting only the central portion of the gaussian distribution of a singly scattered beam. This would require a large drift distance between the scatterer and the patient and would result in a low efficiency of beam usage. Double scattering by a pair of separated scatterers can increase the fluence in the central area at the treatment position (Koehler et al., 1977) .
With this technique, developed at Harvard, the first scattering foil results in a gaussian dose distribution at the treatment position with a high intensity in the center of the field. A second composite scatterer, placed between the first scatterer and the treatment position, typically has a block on the beam axis followed by a thin, high-Z scatterer. This combination reduces the dose in the center and uses the scattered protons to increase the dose outside the center. This technique results in a larger homogeneous, circular dose distribution at a specific distance from the two scatterers and a more efficient use ofthe particles, although a large drift distance is still necessary. The homogeneous dose distribution must be substantially larger in each direction than the target volume, and collimators are needed to shape the proton field to the projected target cross section. A drift distance of at least 3 m is recommended between scatterer and patient. This is not a problem for a fixed, horizontal beam line, but would result in a large diameter for a gantry beam delivery system if the scatterers are placed after the last bending magnet. Smaller drift distances of 1.5 to 2 m would yield an undesirable increase of surface dose relative to dose at depth (Rabin, 1987) . The gantry designed for the Loma Linda facility has a diameter of 12 m but economizes on the cost of shielding by arranging most of the magnets in one plane.
A refinement of the double scattering technique uses a contoured second scatterer of high-Z material. 3 This main scatterer is combined with a plastic counterpart, thinner at the center and with increasing thickness at increasing radii to ensure the same energy loss of the protons over the entire surface of the scatterer. If, in addition to the contoured scatterer, the scattering and range shifting elements are placed far upstream of the patient, a sharper dose fall-off and a higher beam usage efficiency of appro ximately 46% result. Beam spreading can also be achieved by passive magnetic dispersion into a circular or linear shape (Blosser et al., 1991) .
The advantages of passive beam dispersal techniques are safety, simplicity and a lower sensitivity to the time structure ofthe proton beam than for any ofthe dynamic techniques. However, passive scattering techniques tend to be sensitive to variations in beam position. For monitoring and dosimetry, passive beam spreading results in less stringent conditions on time and spatial resolution. The reduced flexibility in shaping the dose distribution in three dimensions is less important for small or regularly shaped target volumes. For large, irregular target volumes, the unnecessary exposure of normal tissues adjacent to the target volume can be reduced with the use of a dynamic multi-leaf collimator in combination with a compensating bolus and a stepwise reduction of the range of the protons (Chu et al., 1989) .
Wobbling and Beam Scanning
A dynamic technique of beam spreading called "wobbling" was developed at Berkeley for heavy ion beams at the BEVALAC (Chu et al., 1985) . By wobbling, the particles of a beam pulse are smeared out on rings by the use of a pair of dipole magnets with fields which vary sinusoidally with time, with a phase difference of 90". Several rings of different radii and doses are added, depending on the desired field size, to obtain flat fields of up to 30 cm diameter with less than 5% dose variation. This technique economizes on the use of particles, as does double scattering, but strongly depends on stable pulse intensities unless large numbers of pulses are used for each ring. Wobbling uses less material upstream of the patient, thereby substantially reducing the adverse effect of beam fragmentation for heavy ions and the loss of energy inherent in double scattering methods. This system was in routine use for heavy ion radiotherapy at Berkeley from 1985 to 1992 and could equally well be used for protons.
Raster scanning, first used at Uppsala in the 1960's (Graffman et al., 1985) and later developed at Berkeley for heavy ions (Chu et al., 1989) , is a similar but more flexible technique to yield large homogeneous dose distributions of different shapes. Instead of scanning on circles, the scans are performed on a rectangular grid with a higher scan frequency in one direction and a lower frequency in the direction perpendicular to it. Rectangular fields of different shapes and sizes can be scanned in this way giving a field shape more closely related to the target volume projection, and, therefore, further reducing the beam particle losses. Up to 40 x 40 cm 2 fields could be scanned at Berkeley with scanning rates of 40 Hz and 1 Hz for the two axes, respectively. The exact shape of the treatment volume was still tailored by an individual collimator.
Both wobbling and raster scanning operate with fixed range modulation. This is achieved by varying the thickness of absorber material traversed by the protons. This can be done spatially by using an absorber plate with ridge shaped elevations, called a "ridge filter", or in time, with a rotating absorber wheel with different thickness sectors. The resulting dose distribution can be made essentially uniform in depth over a distance determined by the thickness of the volume to be irradiated. Together with collimation of the beam, this results in a single-field dose distribution which can be conformed to the distal surface of the target volume contour by the use of a patient-and beam-specific compensating bolus. Using fixed range modulation, however, one cannot avoid exposure of volumes of normal tissue in the proximal region to approximately the full target dose. Reduction of dose to the proximal tissues, resulting in a further improvement of the dose distribution, can be achieved with the use of a dynamic multi-leaf collimator, suggested by several authors but not yet in use (Chu et al., 1989) .
Spot Scanning
Spot scanning, often called "voxel" (volume element) scanning, represents a further development of the raster scan described above. Instead of irradiating rectangular volumes, the scans irradiate only the defined target volume. Different techniques are feasible for voxel scanning. While varying the speed of the scanning of a narrow pencil beam is difficult, the scanning can be done at constant speed by switching the beam off and on with a fast "kicker" magnet. Another solution is to use discrete scanning, which deposits dose to a voxel and switches the beam off during the change of parameters for the next voxel (Kanai et ai., 1980) . As a three dimensional conformal treatment of a one liter volume with a voxel size of 5 mm x 5 mm x 5 mm needs of the order of 10,000 spots and as the treatment time should be comparable to treatment times for photons, e.g., some minutes, it requires either fast ramping of the magnet current or a fast switching magnet, depending on the time structure of the beam of the accelerator. A voxel or spot scan technique for proton beam delivery has been developed on the basis of experience with patient treatments with pions at PSI (Pedroni et al., 1989; Blattmann and Coray, 1990; Blattmann et al., 1990) and at the Gesellschaft fur Schwerionenforschung (GSI) in Darmstadt, Germany for light ions (Haberer et ai., 1993) . The feasibility of the technique has been demonstrated in experiments on phantoms. Equivalent techniques are under development or proposed at Moscow, by Ion Beam Applications (IBA) in Belgium and in Uppsala (Grusell et at., 1991; Jongen, 1991; Khoroshkov et ai., 1991) . For 70 MeV protons, the technique has been successfully proven in Japan with a pencil beam of cross-section 1 cm 2 , cut out of a wide beam by collimators (Kanai et al., 1983a; Kanai et at., 1983b) .
Even though the techniques cited above appear to be similar, there are important differences. The scanning in the direction of the fastest scan is accomplished with magnetic scanning for all of the facilities except for IBA. The scan speed along this fastest direction is 1 mls or more, making dose control for each voxel difficult to achieve. Scanning along the next slower scan axis also uses magnetic scanning for GSI, U ppsala, Moscow and IBA or range shifting (depth direction) for the PSI beam. The scan speed for this axis is a factor of approximately 25 times slower than along the fastest axis. The third and slowest motion is done either by range shifting (Uppsala), energy variation (Moscow, also planned for GSI), rotational movement of the bending magnet (IBA) or scanning of the patient (PSI). Common to all these solutions is the importance of a fast and reliable monitoring and control system. Dynamic delivery techniques result in higher flexibility of dose shaping. Depending upon the specific technique, minimal individual patient hardware such as collimators and bolus is required. A bolus can be constructed for specific reasons such as compensating for structures smaller than the spot size, or a collimator may be used if the rate of dose fall-off in the transverse plane should be increased. The ability to shape the dose distribution to the target volume in three dimensions results in the potential of reducing radiation burden to normal tissues and hence increasing the therapeutic gain (Urie and Goitein, 1989) or reducing the number of beam ports and consequently reducing treatment complexity. Dynamic beam delivery techniques permit the design of a gantry with a much smaller diameter, particularly in the case where the patient couch is mounted eccentrically (Pedroni et al., 1989) . Parallel scanning in a cartesian grid makes treatment with abutting fields somewhat easier. The sharp dose fall-off of proton beams is a potential source of cold or hot regions near the junction of abutting fields. The sharpness of the dose fall-off can be modified in these regions to reduce the sensitivity to positioning errors or patient movement.
A topic which needs special attention if dynamic beam delivery techniques are used, is the effect of patient or organ motion on the dose distribution. Although minimizing patient and target volume movement during treatment is always important for proton radiotherapy, when using passive beam spreading techniques, such movements will result in a geometric miss only if the margins allowed around the target volume are too small to account for this motion. On the other hand, when using dynamic beam delivery, only a portion of the target is being irradiated at any moment, so movements of the patient or target volume during treatment can lead to unacceptable dose inhomogeneities inside the target volume (Levin et at., 1988; Phillips et ai., 1992) .
